Traumatic brain injuries (TBIs) are caused by acceleration of the skull or exposure to explosive blast, but the processes by which mechanical loads lead to neurological injury remain poorly understood. We adapted motion-sensitive magnetic resonance imaging methods to measure the motion of the human brain in vivo as the skull was exposed to harmonic pressure excitation (45, 60 and 80 Hz). We analysed displacement fields to quantify the transmission, attenuation and reflection of distortional (shear) waves as well as viscoelastic material properties. Results suggest that internal membranes, such as the falx cerebri and the tentorium cerebelli, play a key role in reflecting and focusing shear waves within the brain. The skull acts as a low-pass filter over the range of frequencies studied. Transmissibility of pressure waves through the skull decreases and shear wave attenuation increases with increasing frequency. The skull and brain function mechanically as an integral structure that insulates internal anatomic features; these results are valuable for building and validating mathematical models of this complex and important structural system.
INTRODUCTION
Traumatic brain injury (TBI) can result from blunt force trauma, rapid inertial loading or extracranial pressure (i.e. explosive blast). Much of the pathway between mechanical insult and neurological injury remains unclear, in part because data on the mechanical response of the brain are difficult to acquire in vivo. Diffuse axonal injury, in which neural axons stressed beyond limit initiate a biochemical cascade culminating in axon destruction, is believed to be a direct consequence of this mechanical response [1] [2] [3] . Recent developments in magnetic resonance imaging (MRI) have uncovered a critical mechanical role of brainskull attachment in determining the locations of high strains when the skull is accelerated [4 -7] .
The ability to simulate TBI computationally is quite advanced [8 -11] , but has historically outpaced the data available for validation. The range of data available begins with a study by Holbourn [12] , who investigated strains in gel-filled moulds of the human cranium subjected to angular accelerations. Holbourn postulated that injury locations correlate with regions where high shear strain was observed in his gelatin brain models. Others have studied more complex gel-filled head models [13, 14] . Hardy et al. [15, 16] advanced this type of analysis to the heads of human cadavers, where internal brain motion was measured by tracking implanted neutral-buoyancy markers using high-speed bi-planar X-ray imaging. These studies represented significant progress in the study of brain injury biomechanics. Nevertheless, gels and cadaver heads differ substantially from the human brain in vivo, and the spatial resolution of implanted markers falls far short of capabilities of imaging methods such as MRI.
Presently, MRI is the only non-invasive method capable of determining the mechanical properties of the human brain in vivo. Efforts to characterize the mechanical properties of healthy and diseased human brain parenchyma are on-going [17] [18] [19] [20] [21] [22] [23] [24] [25] [26] and the use of MRI to characterize the structural dynamic properties of the living head, especially as related to TBI, is an emerging application [27, 28] . In the current study, we implement a motion-sensitive MRI scheme to map mechanical wave propagation in the brain to measured extracranial pressure oscillations. We present here MRI data that suggest the brain -skull attachments, as well as the internal meninges (e.g. falx and tentorium), strongly affect patterns of wave propagation in the brain. We also introduce a novel viscoelastic material property reconstruction scheme and apply it to these data. The transmissibility of oscillatory pressure loading through the skull and the attenuation of shear waves propagating within the brain are quantified. The findings presented here may be useful for the validation of numerical models intended to simulate head trauma.
MATERIAL AND METHODS

Motion-sensitive magnetic resonance imaging
Images of tissue motion can be recorded using a standard clinical MRI scanner equipped with a motion-sensitive imaging pulse sequence and an MRIcompatible actuator to produce tissue motion [29] . The nuclear magnetic resonance (NMR) signal used for clinical imaging is produced by precession of 1 H proton spin packets in a strong magnetic field (commonly 1.5 -3T). Spin precession (Larmor) frequency is determined by the magnetic-field amplitude. In the presence of a spatially varying magnetic field, a spin packet displaced to a location with higher magneticfield strength will precess faster. Over time, the displaced spin will acquire additional phase relative to a spin in the original configuration. Applying harmonically oscillating magnetic-field gradients into an imaging sequence allows harmonic spin displacement to be recorded as a phase shift in the NMR signal. With this technique, motion sensitivity to displacements as small as 100 nm have been reported [29] . This type of motion-sensitive MRI, known as MR elastography, has been employed to image propagating shear waves, and from the shear wave propagation speed, to infer the mechanical properties of tissue in vivo [29] [30] [31] [32] [33] .
The physical framework describing the measurement of spatiotemporal displacement fields with motion-sensitive MRI is described in detail by Muthupillai et al. [34] . Here, we briefly review the mathematics. Consider a single 1 H proton spin packet originally at positionr 0 ¼ x 0ē1 þ y 0ē2 þ z 0ē3 , undergoing harmonic motion. Its vector displacementūðr 0 ; tÞ can be expressed in complex exponential form as uðr 0 ; tÞ ¼Ūðr 0 Þ e iðvtþcðr 0 ÞþFÞ þ c:c: ð2:1Þ
The displacement coefficient vectorŪðr 0 Þ can also be expressed in terms of its Cartesian components:
To measure this motion, a time varying motion-encoding gradientḠðtÞ ¼ G k ðtÞ Áē k is imposed. Accrual of NMR signal phase u is governed in general by
ðtÞ Áūðr 0 ; tÞ dt; ð2:2Þ
where g is the gyromagnetic ratio of 1 H nucleus. The duration of the applied gradient is T ¼ 2pn=v, which is dependent on the actuator frequency v (rad/sec) and the number of motion encoding cycles n chosen. In practice, one component of the motion-encoding gradient field is imposed at a time, yielding a corresponding phase image
ð2:3Þ
The amplitude and phase, U k ðr 0 Þ exp½iðcðr 0 Þ þ FÞ, of each voxel imaged can be determined directly from spin phase u k accrued, since G k (t) is prescribed. The synchronization delay F is a temporal phase shift between the applied motion and the motion-encoding gradient. If multiple images are acquired, each with a different synchronization delay (corresponding to a fraction of the actuation period), a time history of spin phase is measured, cf. figure 1.
In our experiments, the components G k (t) took the following form
þjGj; for pð4n À 3Þ 2v t pð4n À 1Þ 2v
ð2:4Þ
which has a zero (null) first moment to minimize sensitivity to fluid flow [35] [36] [37] . Full displacement vector fields may be acquired by repeating the experiment with the motion-encoding magnetic-field gradients aligned to each axis of an orthogonal coordinate system.
Measurement procedure and equipment
A motion-sensitized gradient-recalled echo (GRE) MRI pulse sequence (figure 2) was used to acquire data in six healthy male subjects, aged 4) ). The actuation system was configured to transmit of a 4, 6 and 8 cycle acoustic pressure-wave train at 45, 60 and 80 Hz, respectively. Actuation was initiated by transistortransistor logic pulse which was generated by the scanner and synchronized with each NMR excitation. MRI motion-encoding gradients were configured to run at the same frequency as the actuator for each experiment. All data were acquired with a temporal resolution of four points per actuation cycle to satisfy the NyquistShannon sampling criterion. Phase-to-displacement conversion factors of 5.63 (45 Hz), 7.66 (60 Hz) and 10.6 mm rad 21 (80 Hz) were calculated by numerical integration of equations (2.3) and (2.4), taking into consideration actual gradient performance specifications. The total scan time to acquire two-dimensional displacement field data in each subject was approximately 14 min per actuation frequency.
Volunteers were imaged in a 1.5 T MAGNETOM Avanto (Siemens) whole-body clinical scanner equipped with a phased-array head coil and imaging gradients with a 5.88 ms . m mT 21 rise time. Harmonic motion was induced in the brain via extracranial pressure generated by an acoustic actuation system (Resoundant, Resoundant Inc., Rochester, MN, USA). The system was modified with two equal lengths of flexible vinyl tubing and a T-fitting so that a single active driver could power two passive drivers with equal amplitude and phase. Each passive actuator pad was positioned on the side of the head near the left and right pterion bone and affixed with an elastic bandage (figure 2). The head of each subject was snugly secured within the imaging coil using foam inserts to prevent subject movement during scans. The specialized gradient-recalled echo (GRE) magnetic resonance imaging pulse sequence used for data acquisition. In addition to the standard radio frequency (RF) pulses and orthogonal magnetic-field gradient orientations (SS, slice select; RO, readout; PE, phase encode) required to create the GRE MR image, a trapezoidal motion-encoding gradient is included.
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Imposed acoustic pressure loads were measured with a PCB Piezotronics (103B01) dynamic pressure sensor. A single sensor was placed inside the flexible tubing on the acoustic actuator side of the T-fitting (figure 2a). The analogue pressure signal was amplified (PCB Piezotronics 494A), digitized (National Instruments DAQCard-6062E) and stored on a laptop PC.
Raw MRI data (k-space) were analysed in Matlab (The MathWorks, Inc., Natick, MA, USA). Motionencoded MR data were obtained using a switchedpolarity acquisition scheme to remove systematic phase errors and enhance displacement contrast [33] . After applying the two-dimensional inverse Fourier transform to the raw data (k-space), phase-contrast images were obtained by complex division of positive and negative polarity phase images. Images of phasecontrast were converted to displacement using the sensitivity factors described above. Displacement fields were filtered to reduce experimental noise. The complex fundamental time harmonic of the displacement field was extracted by Fourier transform along the time dimension, then spatially filtered with a Gaussian kernel (11 Â 11; s.d. 0.80). Filtered displacement fields were reconstituted in the time domain via inverse Fourier transform, using only the filtered fundamental time harmonic.
Analysis of the distortional component of motion
Harmonic oscillation of the skull leads to propagation of waves of distortion and dilatation through brain parenchyma [18, 21, 30, 33] . Analysis of raw displacement data is challenging because both types of wave motion are intrinsically coupled through loading and boundary conditions [38] , but the wave speeds differ by several orders of magnitude. The equations governing wave motion in an extended linear elastic, isotropic, homogeneous material are 
These data-distortion normalized by applied pressure-were analysed to quantify the frequencydependent transmissibility, attenuation and reflection of shear waves in the living human brain. Transmission of acoustic pressure through the skull and into the brain was assessed by the pressure-normalized distortion averaged over a 1.5 cm wide region immediately interior to the skull.
Attenuation of shear waves in the brain was quantified by the amplitude decay in pressure-normalized distortion as a function of distance from the skull. Regions of interest were obtained by applying a series of concentric elliptical masks to the shear wave field. These masks were created by iteratively eroding the outer boundary of the field inward. Two consecutive masks were subtracted to produce an annular elliptical mask with a thickness of approximately 1 voxel (i.e. 3 mm). The pressure-normalized distortion was averaged over each region of interest and these average values plotted as a function of distance from the brain-skull boundary. Exponential attenuation of shear waves was observed in the brain and is consistent with expected viscoelastic behaviour.
Wave normal extraction and qualitative energy analysis
Reflection of shear waves in the brain was assessed from vector fields of amplitude-weighted average propagation direction. In principle, a scalar field such as Gðr 0 ; tÞ, which is harmonic in time and periodic in space, may be represented as a double Fourier series The two-dimensional wavenumberk mn ¼ k mē1 þ k nē2 describes the wave length and propagation direction. Here, the angle of propagation u mn of each plane wave component is defined as the four-quadrant inverse tangent of k n =k m . Contributions of plane shear waves along a particular direction u p may be obtained by applying a directional filter to the distortional wave field as follows:
iðk m Áx 0 þk n Áy 0 Þ þ c:c:
ð2:10Þ
In this work, we apply a directional filter defined by
ð2:11Þ
to isolate plane wave components propagating along 16 directions; u p ¼ pp=8, for ð p ¼ 1; 2; . . . 16Þ. The amplitude-weighted average propagation direction vector at the locationr 0 was calculated as
jG p ðr 0 Þj Á ðcos u pē1 þsin u pē2 Þ: ð2:12Þ
These vector fields allow both quantitative and qualitative characterizations of shear wave propagation. The divergence of these vector fields was used to qualitatively assess wave energy sources ( production) and sinks (dissipation) in the brain. This approach is illustrated in figure 3 , which shows radial shear wave propagation in a cylindrical gel sample excited by a central stinger. 
Material property estimation
Local frequency estimation (LFE) [42] has been used to locally extract the wavenumber k ¼ jkj from displacement wave fields in order to estimate the elastic shear modulus [32, 33] . LFE-based inversion is attractive because it allows material parameters to be estimated without explicitly invoking the coupled or uncoupled equations of motion (equations (2.5) -(2.6b)), thus obviating the need to numerically compute second-or third-order spatial derivatives. LFE applied to displacement fields is challenging in practice since the effects of dilatational waves, rigid body motion, boundary reflections and standing wave patterns can corrupt wavelength estimates. Investigators have attempted, not always successfully, to circumvent these effects by aggressively filtering displacement data [33] or by taking the curl of the equation of motion [43] , which requires third-order spatial derivatives. In this study, viscoelastic properties of brain tissue at multiple frequencies were obtained by LFE applied to distortion fields. According to equation (2.6b), all components of the distortional wave field (r Âū) depend only on the shear modulus and density of the media. Therefore, in mechanically isotropic and locally homogeneous media as we assume here, the shear modulus can be extracted from any one component of the distortion field so long as that component is activated. Application of LFE to the distortion component identified in this study (G) avoids inversion artefacts attributed to dilatational waves and rigid body motion in displacement data.
Implicit in existing LFE-based inversion formulations [32, 33, 44 ] is the wave phase velocity relation c ¼ v=k, which permits elastic material property reconstruction. Nevertheless, the equation describing planar shear wave propagation in an isotropic lossy medium,
could be employed to extract viscoelastic shear moduli [39, 40] . We used the LFE implementation provided by Grimm et al. [44] to locally obtain the wavenumber k, then applied equation (2.13) with our global estimates of attenuation constant a to extract viscoelastic shear moduli regionally. An exponential form of a was assumed because it is a simple and a intuitive model of dissipation and approximates the observed behaviour. This approach is illustrated in MRE data obtained in cylindrical gel sample actuated at 150 Hz. Estimates of viscoelastic moduli G 0 and G 00 are presented in figure 4 . These estimates (mean G 0 ¼ 1111 Pa; mean G 00 ¼ 260 Pa) are consistent with those reported in Okamoto et al. [41] (mean G 0 ¼ 1106 Pa; mean G 00 ¼ 151 Pa).
RESULTS
Extracranial pressure and brain deformation
Acoustic pressure applied to the head near the left and right pterion produces distortional (shear) waves in the brain ( figure 5 ). Spatiotemporal patterns of distortion reflected propagation of shear waves which was generally, but not exclusively, from the skull inward. One might expect anatomical differences in the skull and brain of individual subjects to cause differences in the responses of the brain. Averaged over the entire brain slice, the pressure-normalized distortion (G=P) showed consistent magnitude (figure 6a). Some subject-to-subject variation was observed; however, among subjects who experienced all three frequencies of excitation, the decrease in response with frequency is consistent.
Quantitative analysis of shear wave energy transmission into the brain
The transmission of mechanical loads through the skin, skull and meninges was evaluated via pressure-normalized distortion (G=P) in the annular region of interest in the brain adjacent to the skull (figure 6b). This regionally averaged quantity was calculated for each subject, plotted as a function of frequency and fit to an exponential model. A clear decrease in transmissibility with frequency is evident over this range.
Quantitative analysis of shear wave energy attenuation within the brain
The attenuation of pressure-normalized distortion ðG=P) was averaged within annular regions of interest and plotted as a function of depth from the brainskull boundary (figure 6c). Data from all subjects The amplitude of G=P was spatially averaged over the entire brain (ii) and plotted for each subject. Subject-to-subject variability exists; however when data were acquired at all three frequencies in the same subject, the response amplitude consistently decreased with increasing acoustic frequency. (b) (i) The amplitude of G=P was spatially averaged in a 1.5 cm wide annular region of brain tissue immediately interior of the skull/dura mater (ii) and plotted as a function of acoustic frequency. Transmission coefficients were extracted by exponential curve fit: Shear waves in the human brain E. H. Clayton et al. 2905
were averaged together for a given frequency. The shear wave attenuation parameter a, which characterizes the dissipative behaviour of brain matter, was extracted for each frequency by performing a leastsquares fit with a model of exponentially decaying amplitude.
Reflection of shear waves at anatomical interfaces
Vector fields of amplitude-weighted average propagation direction of shear waves in the human brain were calculated and presented in figure 7 . These vectors highlight that propagation is generally inward from the skull towards the interior of the brain, but anomalies are apparent at the anterior and posterior extremes of the midline of the brain. This is more pronounced and occurs over a larger region, in the posterior midline region. The locations of these anomalies correspond to the intersections of the tough, relatively stiff membranous insertion of the dura mater, the falx cerebri, with the brain in the images. The falx extends from the roof of the skull down between the hemispheres of the brain. Wave propagation near the posterior midline may be affected by the tentorium, which lies below the image plane. The tentorium is a tent-like structure that supports the occipital lobe of the cerebrum and separates the cerebrum from the cerebellum. Propagation vector and divergence fields for all subjects at 45 Hz are presented in the electronic supplementary material, figures S1 and S2.
Estimates of viscoelastic parameters from shear wave fields
The viscoelastic shear moduli G 0 and G 00 of the brain parenchyma were calculated for all subjects using local frequency analysis of the distortion field G. In figure 8 , viscoelastic estimates are presented spatially in one subject at 45 Hz. In table 1, ensemble average moduli for all subjects were calculated in white and grey matter regions of interest. Magnitude images were used to manually segment grey and white matter regions of interest in each subject. The attenuation coefficient a was assumed to be approximately constant over the brain, which provides an estimate of loss modulus G 00 . 
DISCUSSION
In this study, the living human head was subjected to harmonic, laterally symmetric, extracranial pressure loading at 45, 60 and 80 Hz. The applied loading produced propagating distortional (shear) waves in the brain parenchyma. Distortion G was normalized by the applied r.m.s. pressure load and analysed to characterize the structural dynamic properties of the head. Transmission of harmonic extracranial acoustic pressure load through the skull decreases as the acoustic frequency increases (figure 6b). On average, outer regions of the brain experience pressure-normalized distortion G=P amplitudes of approximately 150 Â 10 À9 Pa À1 at 45 Hz, but less than 30Â 10 À9 Pa À1 at 80 Hz. Attenuation of propagating shear (distortional) waves within the brain increases as the extracranial acoustic frequency increases (figure 6c) as expected for a viscoelastic system [39] , such as the brain.
Reflection of shear waves in the brain was assessed from amplitude-weighted average propagation vector fields (figure 7). Amplitude-weighted average propagation vector fields permit qualitative and quantitative characterization of shear wave propagation. Propagation was generally inward from the skull towards the interior of the brain, with important anomalies apparent at the anterior and posterior extremes of the brain midline. This was more pronounced, and occurred over a larger region, in the posterior midline region. The locations of these anomalies correspond to the intersections of the brain with the tough, relatively stiff membranous insertion of the dura mater: the falx cerebri. The falx extends from the roof of the skull down between the hemispheres of the brain, serving as a transmission barrier. The posterior wave field may also be affected by reflections from the tentorium cerebelli, even though the tentorium lies below, and does not intersect, the image plane. The tentorium is a tent-like structure that supports the occipital lobe of the cerebrum and separates the cerebellum from mechanical waves in the cerebrum. Divergence of the propagation vector fields indicates anatomical boundaries are regions of energy production (source) and dissipation (sink). This technique was illustrated by characterization of shear waves in a simple cylindrical gel sample (figure 3).
Viscoelastic shear moduli were estimated from approximations of the local wavenumber k and global attenuation parameter a as evident from distortional wave fields G. Estimates of brain viscoelasticity provided here are within the wide range of values reported in a comprehensive review [45] of the mechanical properties of human brain tissue estimated by various methods. Scan duration limited our multifrequency study to data collection on a single slice. The assumption that variations in the through-plane direction are small (inherent in the use of single-slice in-plane displacement data rather than multi-slice three-dimensional displacement data) leads to wavelength estimates that may be longer than the true wavelength. Accordingly, estimates of G 0 presented here may be higher than the values that would be Shear waves in the human brain E. H. Clayton et al. 2907
estimated from multi-slice three-dimensional displacement data. Spatial heterogeneity in G 0 is consistent with expected differences in stiffness of interior white matter [46, 47] , which is composed of myelinated axonal fibres, relative to cortical grey matter. This technique was illustrated by characterization of shear waves in a cylindrical gel sample (figure 4).
MRE displacement data consist of the volumeaveraged NMR signal within discrete volume elements (voxels). Consequently, NMR signal decreases with decreasing voxel volume. The voxel size in this study ð3 Â 3 Â 3 mm 3 Þ provides adequate signal-to-noise ratio without requiring multiple NMR excitations, which would lengthen scan duration. Spatial resolution in this study is comparable to other MRE studies in the human brain at 1.5 T [22, 23, 25, 26] . In some cases [22, 25, 26] , the investigators have decreased the in-plane voxel dimension ð1:5 Â 1:5 mm 2 Þ while increasing the through-plane dimension (slice thickness), to 6 mm, for example. The smallest isotropic voxels used to date for human brain MRE are 2 Â 2 Â 2 mm 3 , as reported by Romano et al. [48] . The current voxel dimension is considerably smaller than the shear wave wavelength at 45 Hz (figures 5a and 7a). This resolution is also sufficient to resolve major anatomical features and regions of the brain (figure 8), although at boundaries and thin structures some 'volume-averaging' occurs within each voxel. Errors owing to numerical approximations of derivatives are a primary concern when working with discrete samples of continuous data. An advantage of the viscoelastic inversion scheme introduced in this study is that longitudinal wave and rigid body contributions can be minimized at the expense of only one spatial derivative.
CONCLUSIONS
Data were limited to low-pressure levels and strain levels far below any suspected for TBI. Nevertheless, these data provide important quantitative and qualitative insights into the structural dynamic response of the living head for validation of mathematical models.
-Frequency-dependent transmission of energy into the brain. Over the range of conditions tested, the skin, skull and meninges (e.g. the dura, pia and arachnoid matters) behave as a low-pass filter. Transmission of mechanical energy into the brain decreases with increasing acoustic frequency. The measured values of transmissibility are important parameters to replicate in mathematical models of brain biomechanics. -Frequency-dependent dissipation of energy within the brain. The approximately exponential decay in shear wave amplitude with depth into the brain confirms and quantifies the expected viscoelastic response of brain tissue. The measured values of attenuation, and the increase in attenuation with frequency, are also important to replicate in simulations. -Membranous structures within the skull affect wave propagation patterns. The propagation direction of waves was predominantly radially inward, from the brain -skull boundary towards the ventricles, but outward propagation from membranous structures including the falx cerebri is also observed.
Interactions from structures outside the image plane (e.g. tentorium cerebelli) may also affect the wave field. The effects of these membranous structures on wave propagation direction may be very important in determining the response of brain to impact and blast.
These data illuminate fundamental mechanical properties of the skull, brain and associated intracranial anatomy. The quantitative details of the response of the intact living head to extracranial acoustic pressure load could be used to asymptotically validate computer simulations of blast-induced TBI by illuminating the expected behaviour at lower amplitude levels that are governed by linear system theory. These data also highlight an emerging role of MRI as a tool for not only material characterization, but also for the structural function characterization of organ systems.
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